Introduction
Stroke is among the four leading causes of death and disability worldwide, with about 15 million people suffering stroke every year. Of these, one third dies and another third becomes permanently disabled [1] . Depending on the size and location of the lesion, stroke survivors can have their physical and/or mental capabilities impaired. Motor disabilities are often a consequence and can affect speech, grasp and gait, as well as other everyday functions. With a prevalence of about 20% amidst stroke survivors, drop foot (DF) is one of such disabilities that severely impairs these persons' mobility [2] . Along with stroke, cerebral palsy (CP), multiple sclerosis (MS), traumatic brain injury (TBI) and spinal cord injury (SCI) are also neurological conditions that can lead to DF. This condition is often the result of a paralysis and/or weakness in the patient's dorsiflexor muscles, making him unable to clear the toes off the ground during the swing phase of gait. Due to this lack of proper muscle activation, compensatory mechanisms at other joints, such as the knee or the hip, are often present and result in a very typical steppage or hip hiking gait [3] . Slap foot is another condition that is often concurrent with DF. Characterized by an uncontrolled plantarflexion, right after initial contact (heel strike), slap foot can lead to chronic ulcers [4] . Additionally, muscle weakness and/or spasticity at the plantarflexors might also occur, resulting in an inability to support their own weight.
Often DF individuals still retain electrically excitable peripheral nerves and muscle tissues, which allows the use of techniques such as Functional Electrical Stimulation (FES) to restore their lost mobility. FES is a technique that taps into the person's paralyzed muscles to produce movements that would not be possible otherwise. Over the years, FES has proven itself as a promising technique to restore lost motor functions, allowing neuromuscular impaired individuals to recover lost motor functions, positively impacting their quality of life [5] . FES was first used to correct DF in the 1960s [6] . Since then, this research field kept growing and eventually the first FES-based DF neuroprostheses became commercially available [7] [8] [9] . However, and despite continuous developments, there are still important challenges to be tackled, specifically on the control architectures aspects of these types of neuroprostheses [10, 11] . Essentially, a FESbased neuroprosthesis to properly correct DF, and its associated conditions, should at least provide foot clearance during the swing phase, minimize foot slap during controlled plantarflexion (loading response) and, if necessary, provide assistance to the plantarflexors during push-off.
This work presents a comprehensive review of the latest FES-based DF developments to help identifying new research directions, with emphasis on different actuation and sensing strategies, specifically focusing on open-and closed-loop (feedback) control architectures. Recommendations on future research directions are also discussed. A thorough review on earlier FES systems to correct DF since the 1960s up to 2001 can be found elsewhere [12] . Functional electrical stimulation as a rehabilitation tool has been reported to improve gait when combined with conventional therapies [13] [14] [15] [16] [17] , however it is not going to be addressed as a main topic, since it falls outside the scope of this article. Nonetheless, therapeutic effects of FES may be brought to discussion when necessary. The combined use of FES, as a neuroprosthesis, with orthoses, often named hybrid orthoses, will again not be the main focus of this review, despite its increasingly and promising use in the last few years [18] [19] [20] , specifically when FES alone is not enough to provide the desired function or support, which most often occurs in more complex conditions than DF, such as paraplegia.
Using FES to correct Drop Foot
The typical architecture for a FES-based DF neuroprosthesis can be seen as an integration of a network of sensors, a control algorithm and a stimulation unit. The sensing network should always provide system information to the controller [21] . This controller should then be able to correctly adjust its inputs to the stimulation unit. Thus, optimal control strategies to correct DF should be sufficiently robust to the nonlinear, time-varying and coupled response of stimulated muscles [10] . Furthermore, electrical stimulators should be portable, lightweight and flexible enough, in terms of specifications and parameters, to deal with different control strategies requirements. Tables 1 and 2 , presented in appendix, show detailed information on portability, types and stimulation characteristics of several research and commercial stimulators, respectively.
To stimulate nerve fibers and generate more efficient muscle contractions, a rectangular shaped electrical pulse has been suggested as optimal, since it overcomes the problem of the nerve fiber membrane accommodation (see Figure 1 , a typical stimulation pulse). Moreover, the pulse should provide an equal distribution of charges at the electrodes locations during stimulation period, so that no electrochemical imbalance occurs, eventually leading to body tissue damage [22] . This is usually achieved by having a pulse in one direction (positive phase) and another one in the opposite direction (negative phase), symmetric or not. Additionally, on a typical stimulation profile, there is often a ramping up and down of the stimulus, so that sudden responses are avoided and more physiological type of contractions are achieved [23] . To a certain degree, prolonging the stimulus for a small amount of time after heel strike, has been used to help controlling slap foot [24] . The frequency of the pulse controls the type of muscle contraction and the amount of force produced. Pulse amplitude and width, represent how much, and for how long, current is needed to produce a minimal amount of ionic flow to trigger action potentials. Further information on these parameters can be found elsewhere [22] .
Currently, most existing ankle-foot orthoses are passive. The only active systems commercially available are FES-based. Mechanically-based active DF orthoses are still to surface outside the research setting [25] . Until now, all the commercially available FES systems have been solely based on open-loop architectures. Even though most of these systems use sensory feedback to switch between states (e.g. finite state machine controllers, FSM), they should not be considered closedloop controllers; instead, a closed-loop system should be defined as a system where the controller is sufficiently stable and robust to correct for model errors and external disturbances, such as an obstacle or muscle fatigue [11] . Tables 3 and 4 summarize several approaches using open-and closed-loop strategies, respectively.
Open-loop systems
The first open-loop system to correct DF using FES was developed by Liberson et al. [6] . Liberson's system enabled dorsiflexion of the foot by synchronous stimulation of the tibialis anterior muscle during the swing phase (see Figure 1 ). This type of system was a FSM, in this particular case with two states, stimulus on or off, which were detected by means of a shunt resistor to sense heel contact. To the present date, Liberson's concept has remained very popular among researchers and most of the systems built in the following decades were based on his FSM architecture.
Research prototypes
A. Constant preset stimulation control based on foot switches.
The advent of microcontrollers in the 1970s made possible the continuous development of more flexible and smaller stimulation devices. One such example is the system developed by Malezic et al. [26] , where microcontrollers were used to develop a four channel surface stimulator system. The system was evaluated as therapeutic and orthotic device in twenty-one subjects, 11 with stroke and 10 with TBI. The orthotic system relied in heel switches, to detect the swing and stance phases. Preset stimulation pulses with constant amplitude, width and frequency (see Figure 1 ) were delivered to the common peroneal nerve (tibialis anterior, TA, stimulation), producing dorsiflexion during the swing phase. Other stimulation channels were used to enable extra knee flexion/extension, hip extension and reciprocal arm swing. Malezic's work showed, for both patients' groups, gait improvements of 22%, 10% and 9% in velocity, cadence and stride length, respectively. Very recently, Chou et al. [27] performed similar experiments to Malezic's reciprocal arm swing trials, with triceps brachii stimulation.
In the line of Malezic's work, Kim et al. [28] combined the traditional ankle dorsiflexors stimulation with hip abductors stimulation, in a population of thirty-six patients with post stroke hemiparesis. Foot switches enabled TA stimulation during swing phase and gluteus medius stimulation during the stance phase, to prevent the pelvis from dropping to the opposite side. Kim reported improvements against only TA stimulation and no stimulation, of up to 48% in gait symmetry, 15% in velocity, 7% in cadence and 7% in stride length.
Sabut et al. [29] performed an eight-week randomized controlled trial (RCT) on ten DF patients, using a heel switch to trigger TA stimulation during the swing phase. Gait was statistically improved when the orthotic device was used, with increases in gait velocity, cadence and stride length of 11.7%, 10.8% and 13.3%, respectively. There was also a reduction in the physiological cost index (PCI) of 17.7%. Additionally, there were some therapeutic effects with a significant decrease of spasticity, increased range of motions, enhanced blood circulation and reduced pain.
B. Modulated preset stimulation control based on foot switches.
The open-loop systems presented until now have been surface based and with a stimulation profile consisting of a constant preset train of pulses. O'Halloran et al. [30, 31] adopted a different stimulation strategy and developed a heel switch triggered implantable system for DF with pulse width modulation across two gait phases. Tested in one hemiplegic subject, the implantable stimulator had two independent channels, in a 12-polar nerve cuff electrode, to be placed on the peroneal nerve controlled externally by induction. By proper balance between these channels, a more physiological dorsiflexion was achieved. With the proposed stimulus profile (see Figure 2) , O'Halloran showed that increase of stimulation intensity just before the heel strike, enabled a better controlled plantarflexion during loading response, minimizing the possibility of foot slap. It was even reported that patients would possibly benefit, if stimulation was extended beyond this point. Similarly Breen et al. [32] developed an interesting DF stimulator system using two foot switches (heel and toe) and a modulated stimulus envelope profile, with stimulation timings being adjusted from cycle to cycle based on gait velocity.
C. EMG-modulated preset stimulation control based on foot switches.
The previously discussed works on modulation of the stimulus envelopes essentially based profile adjustments on clinician's specifications. Lyons et al. [33] through a "natural" stimulation strategy, used offline surface electromyography (sEMG) to modulate the profile shape for one hemiplegic DF patient. This approach resulted in significantly higher dorsiflexion range, going up to 7.68º (76%) against 4.35º (53%) of the traditional approach (see Figure 1 ). These improved results might have been the result of a less severe spastic reaction of the calf muscles during dorsiflexion. It is important to notice that the latter approach is less efficient than the "natural" one, since it requires the approximately double of the charge to produce a less efficient dorsiflexion. Adding on the previous work, O'Keeffe et al. [34] developed a similar strategy. Although his system was only tested in a healthy subject, it was also reported as more energetically efficient, by using 47% less stimulation current than traditional stimulation envelopes.
D. Preset stimulation control based on inertial sensors and force sensitive resistors.
Alternatives to foot switches, such as inertial sensors, have been surfacing over the last decades allowing new FES control strategies. Weber et al. [35] tested such a system, the Walkaide, a surface-based commercial stimulator with a tilt sensor. Weber also modified Walkaide to be able to integrate a new type of implantable microstimulator called BION (BIOnic Neuron). BIONs were developed by Loeb et al. [36, 37] as a minimally invasive self-contained micro-stimulation platform for a large range of applications (see Figure 3) , easily injected near target muscles or nerves. The latest generation includes built-in EMG, accelerometers and inter-device communication features and can last a few days with a single charge [36] . Together with a shank accelerometer and control algorithms within the Walkaide system, Weber showed that BIONs were a reasonable alternative to surface systems. Tested on a 42 year old incomplete SCI male, the prototype produced an almost normal dorsiflexion during the swing phase, greatly increasing gait speed and significantly decreasing PCI. The dorsiflexion was even more balanced than that of surface-based systems (where often the foot is inverted), since an additional BION was inserted at the peroneus longus muscle. Interestingly, the prototype fell behind the surface FES system in both gait speed and PCI.
In 2011, Miura et al. [38] developed a wireless surface FES rehabilitation system, fully based on inertial sensors. The system was composed of a wireless surface 1-channel stimulator and seven wireless inertial sensors (thigh, shank and foot in both legs plus the lumbar region). Tested successfully in one hemiplegic patient with DF, the system provided enough foot clearance similar to the levels of the non-paretic side, by only using the vertical axis Figure 3 Three generations of implantable BION microstimulator [36, 106] . Reproduced with permission from Rockwater, Inc. Another system with inertial capabilities was developed by Breen et al. [39] . Called Duo-STIM, the system was a full-fledged portable dual channel stimulator with inertial sensors (see Figure 4 ). The device comes with embedded control algorithms to correct DF based on foot switches (heel and toe), but allows any free-form stimulation envelope and additional control strategies based in different sensors, such as accelerometer-based stimulation. The device has been cleared for clinical trials, but at the time this article was written no trials had been performed.
Moving away from traditional DF correction and making use of inertial sensors, Dosen et al. [40] developed a control strategy based on decision trees. Machine learning techniques were used to estimate several states, by using three inertial sensors (shin, shank and foot) and force measurements (heel and toe) as input data and sEMG of four muscles as output data (stimulation on or off). Although the system was only bench tested, the authors reported that the control based on decision trees, has the advantage of being human readable and interpretable, allowing better customization by the clinician.
E. Constant preset stimulation control based on natural sensors.
Over the last two decades, the use of whole nerve cuffs to record the response of cutaneous mechanoreceptors (natural sensors) has been proposed as a way of detecting main gait events, such as heel strike. This "natural foot switch" was first implemented by Haugland et al. [41] and it was composed by a 30 mm cuff implant placed at the sural nerve. Tested in a hemiplegic patient with DF using a surface stimulation system, the device proved its feasibility, despite some reliability issues with heel strike detection, which were dealt by implementing a timer to match the stance phase. Continuing his work, Haugland developed an implantable nerve stimulator, small enough to fit into the wall of a nerve cuff electrode. Results showed the device good selectivity for the peroneal and tibial fascicles [42] .
Later on, Hansen and Haugland [43] picked up on Haugland's work and integrated the implantable stimulator with sural nerve recordings to correct DF. In his concept (see Figure 5 ), Hansen improved the earlier low detection rates by using neural activity and force sensitive resistors (FSR) data to train machine learning algorithms, specifically adaptive logic Figure 4 Duo-STIM system for drop foot [39] . Reproduced with permission from Elsevier.
Figure 5
Implantable system for DF correction using Adaptive Logic Networks [43] . networks (ALN). Gait trials were performed on a 32 year old female with drop foot using the traditional trapezoidal stimulation, with the ALN having an acceptable functional performance as well as stability over a period of several months.
In 2005, Hoffer et al. [44] performed one of the first clinical trials with a fully implantable device to correct DF, the Neurostep system (Neurostream Technologies). However, at the present time, Neurostep is still an investigational medical device under clinical trials. The Neurostep system works autonomously without any external device, with the batteries, sensors and stimulation units all included in an implantable package. Stimulation occurs at the common peroneal nerve, though gait events are detected using tibial nerve recordings. A 70 years old male with hemiplegic DF that could only walk for 5 to 10 m without fatigue, had the device implanted and after 6 months his walking range increased to 250 m. Despite this achievement and the initially high detection rates that ranged from 72 to 90%, the sensing cuffs' impedances degraded over time, which led to increasingly lower detection rates.
Commercial systems
Currently, the only active ankle-foot orthoses to correct drop foot available in the market are FES-based. These systems range from externally worn portable surface stimulators, to partially implantable solutions, where only the stimulator/electrodes are implanted. There is no fully implantable system yet. All these systems are open-loop, since they only use sensors to time the stimulation (based on a FSM type of control), which in all cases is a preset stimulus pulse train tuned by a qualified clinician.
There are currently three well-known surface FES-based solutions, the Odstock, the Ness L300 and the Walkaide; and only two partially implantable solutions, the STIMuSTEP and the ActiGait systems. Interestingly, one of the first FES commercial systems (no longer is) to correct DF was partially implantable (see Figure  6 ). Developed in 1971 by Medtronic, Inc. (Minneapolis, Minnesota), the device was tested in 16 patients over a 3 years period, which were able to achieve ankle neutral position (some with inversion) during the swing phase and increase their gait speed by 37% compared to pre-surgery AFO speed [8] . Another similar commercial DF single channel surface stimulator that ceased production was the system developed by FES Medical Electronics (Glasgow, UK). An eleven week study performed with seventeen chronic DF patients over a variety of different terrains showed significant orthotic improvements [45] .
A. Odstock Stimulators
Odstock Medical (Wiltshire, UK) has had its presence in the market of surface FES-based solutions for 17 years. Currently, Odstock provides a variety of different stimulators, of which the Odstock Dropped Foot Stimulator (ODFS) and the Odstock Two Channel Stimulator (O2CHS) are the systems used to correct several gait conditions. The ODFS series is designed to correct DF, making use of a heel switch connected to a portable waist control unit. The O2CHS presents itself as a much more flexible device to tackle a variety of different neurological conditions, such as bilateral DF among others [24] . One hundred and fifty one patients with DF using the ODFS system, had their gait velocity increased by 27% and PCI reduced by 31% over a period of 4 and a half months [46, 47] . Another study with 291 patients reported a generalized satisfaction with the device, reduced effort in walking over time with a decrease of 30% in PCI [48] . Significant carryover effects were reported in both studies for patients with non-degenerative disorders.
B. Ness L300 System
Commercialized by Bioness Inc. (Valencia, California, USA), the Ness L300 surface FES system includes the stimulation unit embedded in a below-the-knee cuff, a wireless heel switch and hand-held control for intensity control. With this device, Van Swigchem et al. [49] reported similar increases in gait velocity and cadence of 26 stroke patients compared to an AFO. FES was also reported as more comfortable, aesthetic and less fatiguing. Figure 6 Neuromuscular Assist, the implantable system for DF correction developed by Medtronic, Inc. [8] . Reproduced with permission from Rockwater, Inc.
C. Walkaide System
The Walkaide is also a below-the-knee cuff (see Figure 7) , however it uses a vertical axis accelerometer-based gait detection algorithm to trigger the stimulation based on acceleration thresholds. This small and self-contained singlechannel stimulation system is capable of autonomously tuning itself for each subject [50] . Experiments performed with the device in 73 patients, reported a sufficient DF correction, with up to 15% increases in gait velocity. The device's simplicity was a major advantage pointed out by most of the patients [23] .
D. STIMuSTEP System
The STIMuSTEP system (Finetech Medical Ltd., UK) is a passive implantable dual channel peroneal nerve stimulator triggered by a foot switch. The extra stimulation channel balances dorsiflexion by everting the foot. In a RCT conducted by Kottink et al. [51] with 29 DF patients over 26 weeks, increases of 23% in gait velocities were reported, compared to a 3% increase in the control group. Additionally, patients also reported a more comfortable gait.
E. Actigait System
The other partially implantable solution commercially available is the Actigait system, developed by Neurodan A/S (Aalborg, Denmark), a subsidiary of Ottobock group (Berlin, Germany). The Actigait system uses the same control principles as STIMuSTEP, however the system's main parameters differ (see Table 2 ), as well as the heel switch, which is wireless. In a study with 15 stroke survivors over 15 months, Burridge et al. [52] reported significant increases in mean gait distance and velocity, despite occasional reliability issues with radio-frequency communication of the heel switch. Further studies performed by Van Swigchem et al. [53] in one stroke survivor showed that Actigait had similar performance compared to Ness L300 and an AFO, but an almost symmetric gait.
Closed-loop systems
As early as 1974, closed-loop strategies have been proposed to correct DF. However, several technological problems at the time, made their clinical applicability difficult [54] . Despite most developed systems until now have successfully implemented open-loop architectures, they still do not provide performance levels of healthy individuals [55] . This is probably one of the reasons why other control strategies, such as closed-loop FES, have been pursued over the years [11] . Despite this increasing effort in the last decades to make closed-loop FES a reality in the clinical setting and outside academia, it is still a challenging task to control paralyzed limbs with FES, due to the coupled, nonlinear behavior and fatigue of electrically stimulated muscles.
Trajectory tracking control
Most closed-loop control strategies to correct DF developed to date have focused in making the foot follow a specific angle reference during gait. Kobravi and Erfanian [56] proposed such a solution by adopting a decentralized controller with an agonist-antagonist muscle pair (TA and calf muscles), controlled by pulse width modulation (see Figure 8a) . Their strategy was based on two independent controllers for each muscle-joint dynamics, with the inter-subsystem interactions regarded as external disturbances. Each subsystem was based on an adaptive robust controller (ARC), composed by a fuzzy logic based sliding mode controller (SMC) and an adaptive linear compensator, to deal with system's nonlinear dynamics and chattering phenomena (see Figure 8b) . In silico trials showed an excellent performance tracking the free ankle angle with an RMS error of 0.79º, a same order robustness against external disturbances (1.1 N.m constant torque at the joint) and against asymptotic muscle fatigue (1.66º RMS error). Experiments were also performed in three neurologically intact subjects and three spinal cord injury subjects, with an excellent tracking achieved in all subjects, up to 3.40º RMS errors. Again, the ARC was robust enough to cope with muscle fatigue and the presence of external disturbances.
Figure 7
The Walkaide system to correct DF [23] . Reproduced with permission from the Journal of Automatic Control. Continuing Kobravi's work, Nekoukar and Erfanian [57] developed an adaptive terminal sliding mode closed-loop controller to track the ankle angle of two paraplegic subjects. Compared to Kobravi's work, this new controller had superior tracking performance in the same experiments (up to 1.3º RMS error), however it was tested in less patients and not as many trials were performed. Nahrstaedt et al. [58] took a different approach on correcting DF and implemented a form of adaptive feedforward control, specifically a cycle-to-cycle iterative learning controller to track a preset ankle angle during the swing phase. At the beginning of each gait cycle, the pulse width modulated profile was updated, based on the angle error signal (feedback) from the previous cycle. Interestingly, to estimate ankle kinematics, Nahrstaedt developed a new type of sensor based in bioimpedance, which provided an almost linear tissue voltage drop as joint angle changes (see Figure 9 ). This technique was first employed as a joint angle sensor by Song et al. [59] , and required hardware signal blanking during stimulation periods. Gait trials performed in one healthy subject did not produce a reasonable tracking, with convergence to an acceptable value occurring only after three cycles. This might have been the result of voluntary contractions of the healthy subject during stimulation.
Another closed-loop strategy was developed by Chang et al. [60] with the purpose of controlling the ankle trajectory during the swing phase, using an artificial neural network (ANN). To train the ANN, knee/ankle angles and stimulation amplitudes were used. Experiments were performed with success in healthy subjects, coupling the ANN with fuzzy logic under a foot switch based FSM controller and showed good tracking and convergence rate of the controller, when compared against a PID controller. Following the same line of research, Y. L. Chen et al. [61] [62] [63] also developed a closed-loop system to correct DF using a mixed ANN-fuzzy controller. Compared to the previously discussed system, this one does not use a foot switch based FSM. Instead, an ankle angle gait reference from a healthy subject is used. One other change included the implementation of the ANN in a feedforward manner, to provide a coarser estimate of the stimulus current based on a reference angle, with the feedback fuzzy controller's performing a fine tune of this current (see Figure 10 ). Once again, the fuzzy-ANN combination performed superior tracking (3º to 4º RMS error) in three hemiplegic subjects when compared to only ANN and ANN plus PID.
Recently, Melo et al. [64] also used system identification techniques to identify intensityangle models that captured the linear dynamics of the electrically stimulated muscles, to perform closed-loop control of the foot in hemiplegic subjects. Using a custom built four-channel modular stimulator (see Figure 11 ) and an inertial sensing platform, the leg muscles were stimulated with a variety of different inputs: step, pseudo-random and random sequences. Preliminary results in healthy subjects using linear autoregressive exogenous models showed very accurate angle tracking with up to 90% (normalized RMS) in step response trials, and up to 63% for the random sequences. It is expected that nonlinear models will enhance the results. However, the current identified models are also expected to produce significant improvements in a closed-loop controller to correct DF.
Earlier, Y. L. Chen et al. [65] had developed another closed-loop solution to support gait of hemiplegic patients using a hierarchical feedback control architecture. In this control scheme (see Figure 12) , an outer loop (controller G1) controls the trigger timings and amplitudes with foot switches and positions sensors. The inner loop (controller G2) performs FES stimulus parameters adjustments, based on a current sensor. A hemiplegic subject had his gait metrics improved significantly using this system, with the mean velocity, cadence and stride length increasing about 29%, 60% and 50%, respectively. Continuing his work, Chen et al. [66] added a solenoid-based knee locker in the paretic leg that would lock during the stance phase. Reported results in one hemiplegic showed similar increases in gait velocity, cadence and stride length of 34%, 62% and 49%, respectively.
Mourselas and Granat [67] compared an open-loop FSM system against a closed-loop FSM system. The FSM in both systems was based on FSRs and the low level controller of the closed-loop system used fuzzy logic to adjust the stimulus amplitude and match a desired target ankle angle. The trials showed that the closedloop controller had a superior performance, with higher number of steps with toe clearance and reduced step to step variability. Benedict and Ruiz [68] proposed a different control approach that was based on mirror control, meaning that unaffected limb signals were used as a desired target goals for the paretic limb. A bend sensor based FSM together with a PID controller were used to adjust the stimulus' amplitude. Although the system was not tested in hemiplegic patients bench tests were successful.
Proportional sEMG control
The control of FES-based orthoses to correct DF using sEMG has not been as extensively studied as the previously discussed systems, nevertheless there have been interesting developments within this topic. The purpose of such sEMG-driven control architectures is to provide a more physiological and continuous control the hemiplegic's ankle joint. This control strategy is based on the premise that patients still retain voluntary residual sEMG signals, which can be sensed by the system and used as inputs to the controller. The controller then uses the signal to proportionally stimulate the patient's muscles (see Figure 13) . Simultaneous stimulation of a muscle and acquisition of its sEMG rises a new type of problem, since the stimulation produces an artifact in the readings of the sEMG, masking the actual muscle response signal. Yeom and Chang [69] described a new real-time stimulus artifact cancellation process using hardware blanking to remove the primary stimulation artifact and an adaptive Gram-Schmidt digital filter to remove the secondary artifact. The concept was successfully tested in one healthy subject. Similarly, Muraoka [70] also developed a patient-driven loop sEMG system, but again its efficacy was only proven with one healthy subject. W. L. Chen et al. [71] extended the previous concepts to the plantarflexors together with the dorsiflexors and tested in one subject with DF, which showed significant improvements in mean velocity, cadence, stride length of about 48%, 65% and 44% respectively. 
Figure 12
Multi-channel portable stimulator [64] . Reproduced with permission from the authors.
Discussion and conclusion
Since 1961, when the first DF neuroprosthesis was developed by Liberson and his colleagues, FES has continuously been used as a tool to correct DF and its associated implications. Over the last decades, FES-based systems have had continuous developments, even though Liberson's concept remained very popular, with a large part of currently available commercial systems being based on his original 1961 architecture [72, 73] .
Advances in stimulation and sensing technologies as well as control strategies have made more efficient and reliable FES devices a reality. Compared to earlier DF FES-based systems, muscle stimulators evolved into more portable, and lightweight solutions, with current commercial system weighting less than 100g [23, 73] . Portable stimulators featuring multichannels are also becoming increasingly more common, allowing a higher number of muscles to be controlled during gait [27, 28, 56, 64] . However, the well-established commercial surface-based FES solutions still rely only on single-channel stimulation of the TA during the swing phase [46, 50, 73] . It is interesting to note that some implantable solutions, such as STIMuSTEP [51] or Actigait [52] , have similarly utilized one stimulation channel to produce dorsiflexion, but introduced additional channels to correct foot inversion, often concurrent with TA stimulation. In surfacebased systems this issue has also been addressed [26, 74] .
A large part of DF FES-based systems developed to date have had their main focus placed on the correct timing of the stimulation onset during the swing phase (see tables 1 and 2). The use of FSRs to trigger stimulation has been one of the most popular approaches in the field of FES to correct DF [6, 26, 28, 30, 32] . Despite their ease of use and success detecting gait phases, foot switches often present reliability issues due to repetitive contact forces, which eventually lead to material degradation. On the other hand, natural sensors do not present these issues and have shown promising gait phase detection rates, but still not as high as it would be desirable [41, 42] . To enhance these rates machine learning algorithms have been implemented [43] . Fully implantable solutions using natural sensors are still scarce, nevertheless there is currently one device under clinical trials [44] . In the meantime, partially implantable systems combined with external foot switches have proven their value, with currently two systems being commercialized.
Over the years, the development and implementation of more complex control algorithms resulted in a need to assess additional system states, other than the ones provided by the traditional foot switches. Examples that came up range from inertial [39, 57, 64] , to position [56, 60, 67] , sEMG [69] [70] [71] , bioimpedance [58] and bend sensors [68] . Most of these sensing solutions have successfully been used to estimate desired physiological and/or kinematic states.
The control strategies of DF FES-based devices presented throughout this review, specifically open-loop architectures, have had their efficacy proven by existing commercial products. However, looking at normal healthy elderly men gait velocities of 1.2 m/s with a stride of 1.3 m and stance phase of 63% [55] , it seems open-loop FES-based devices can still be improved. In a large scale study, Kim et al. [28] reported velocities of up to 0.305 m/s and stride lengths of 0.552 m and stance of 42.9%. Similar results have been obtained in other studies [23, 29, 46] Even though these were different studies and comparison between them against the mentioned standards is difficult to perform, it can be argued that there is still a significant difference between these metrics. Nevertheless, the combined developments in stimulation and sensing technologies over the last decades have been turning the possibility of closed-loop control strategies to improve those metrics a Looking at open-loop architectures to correct DF, most strategies, whether they are based on constant or modulated stimulus profiles, have in general achieved significant gait improvements [26, 28, 34, 35] as well as physiological cost indexes [29] when compared to unaided. These strategies have even improved other aforementioned gait complications associated with DF, such as foot slap [30] or the lack of support during the stance phase [28] . Several authors reported superior performance in systems where the stimulus profile was modulated when compared to the traditional trapezoidal profile. O'Halloran [30, 31] showed that modulating the intensity during the swing phase and controlled plantarflexion in an openloop way, would avoid foot drop but would also minimize foot slap occurrences. Lyons et al. [33] and O'Keeffe et al. [34] also reported significant improvements against the trapezoidal envelope when using an EMG-modulated preset stimulation pattern, with the advantage of using around 50% less charge. It is important to note that the currently available solutions in the market are all open-loop FSMs [23, 46, 53] . Despite the significant gait improvements provided by current open-loop systems, there are still issues related with the nonlinear and timevarying behavior of the stimulated muscle, as well as fatigue, reflexes and spasticity [10] . In fact, several authors have reported closed-loop architectures to control ankle motion that are able to accurately track a desired reference and deal with muscle fatigue and external disturbances [57, [60] [61] [62] . Although the number of patients tested was very low, another type of closed-loop control that has showed promising results is proportional sEMG control [69] [70] [71] .
In general, whether it is surface or implantable-based, FES currently presents itself as one of the most promising techniques to recover lost motor functions resulting from upper motor neuron lesions. Implantable systems will generally provide better muscle selectivity [35] , use smaller amounts of electrical charge and provide a more comfortable experience in terms of stimulus sensation, aesthetics and easiness of setup [51, 75] . However, compared to a surface-based system, implantable solutions usually require surgery and there is always the risk of infection/rejection, along with issues regarding easiness of access in case of equipment malfunction.
Comparing the conventional passive AFOs to FES-based orthosis, there have been no clear and conclusive evidences that FES truly outperforms AFOs [76, 77] . However, often patients show a greater degree of satisfaction with FES, since it is more comfortable, more aesthetic, less fatiguing and provide a better ankle balancing [49, 78] . More benefits include the FES carry-over effect [8, 23, 46] .
Recommendations for future research on FESbased DF neuroprostheses
Although FES-based DF neuroprostheses have had continuous developments over the last five decades, there is still space for improvements since most of the currently available commercial open-loop solutions do not yet match the performances of healthy individuals, nor give support to other gait phases and muscles. As the next generation of FES neuroprostheses unfolds, we believe the focus should be on adaptive controllers that make use of model-based closed-loop architectures. This will allow robust systems to surface and be able to deal with the nonlinear and time varying dynamics of electrically stimulated muscles, as well as with external disturbances, muscle fatigue and spasticity.
Researchers are encouraged to keep developing multi-channel stimulators, to be able to control a higher number of muscles and better address the needs of closed-loop FES in DF correction. Systems with at least two channels should be considered when stimulating only the TA. These extra channels can be used to better balance the eversion/inversion of the foot, which sometimes can be difficult with only one channel [45] . This technique is often used in implantable systems, but not on surface ones. When manipulating FES stimulation parameters for control purposes, varying pulse width is recommended.
Despite not being as physiological as frequency modulation, it produces more force and fewer fatigue with less stimuli [79] . Even amplitude modulation is preferred, since it uses less charge per second for a given force level [80] . When developing stimulators, it is also important to have sufficient range and spatial resolution in the FES parameters, so that closed-loop controllers can be effective. Regarding pulse width and frequency, ranges of 250 µs and 60 Hz with unitary step resolution should be sufficient for most applications. It might be interesting to consider higher frequency ranges, as recent evidences have suggested that variable frequency stimulation trains up to 200 Hz are likely to enhance muscle performance [81] . In surface systems, biphasic pulses up to 120 mA (over a 1 kΩ load) of amplitude should be used, with at least unitary step resolution. However, implanted systems should have a resolution of one tenth of a milliampere or more, since a reasonable range is up to 2 mA.
Concerning sensor options, the use of inertial measurement units, instead of FSRs, should be adopted whenever possible, since they provide a way to measure kinematics, which is often required for more robust control strategies. Additionally, inertial sensors have also been proved to be a practical solution as continuous gait phase detection systems [82] .
Until now, closed-loop FES to correct DF has only been implemented using trajectory tracking or proportional sEMG strategies, however the central nervous system uses mechanical impedance modulation of the neuromuscular apparatus as a way to adapt to environmental conditions [83] . The development of adaptive impedance controllers using FES is therefore recommended. Such controllers have successfully corrected DF using active AFOs [25, 84] . The use of neuromuscular models, such as Hill-type [85] , in ankle foot prosthesis has been shown to nearly restore a natural gait in amputees [86] . Hence, porting these types of strategies to FES-based neuroprostheses might bring further improvements. In the case of model-based empirical strategies, progress in the recent years has been showing accurate control of knee and elbow joints using in nonlinear identification techniques, with either nonlinear autoregressive exogenous model [87, 88] and Hammerstein structures [89, 90] . Although these models have proven to capture the dynamics of several muscle systems, these techniques have not yet been applied to the tibialis anterior muscle.
Despite open-loop FES has been the subject of several large scale studies, most of the closedloop systems implemented until now have been pilot experiments. Therefore, it will be important in the next years to increase these numbers, preferably with RCTs, so that the clinical application of these strategies becomes widely accepted. Along with this fact, it would be interesting to see the development of a universal performance framework for FES-based neuroprostheses, since it is often difficult to compare the efficacy of different studies, due to a lack of performance standards.
In the near future, when considering FES as the tool to rehabilitate a patient, we recommend that a surface-based system should always be the primary choice. Despite the fact that often these individuals have their sensory perception greatly diminished, an implantable solution should only be considered if the surface system produces unpleasant sensations, skin irritations, or if the patient is going to become a long-term user of the DF neuroprosthesis.
